We report experimental evidence and correction of defocus in full-field OCT of biological samples due to mismatch of the refractive index of biological tissues and water. Via a metric based on the image quality, we demonstrate that we are able to compensate this index-induced defocus and to recover a sharp image in depth.
We report experimental evidence and correction of defocus in full-field OCT of biological samples due to mismatch of the refractive index of biological tissues and water. Via a metric based on the image quality, we demonstrate that we are able to compensate this index-induced defocus and to recover a sharp image in depth. c 2009 Optical Society of America Optical Coherence Tomography (OCT) [1] [2] [3] is a powerful technique used to image inside biological tissues, in particular in the field of eye examination. OCT has been successfully coupled to adaptive optics in order to increase the resolution of retinal examination [4, 5] . In such experiments, wavefront distortion is due to propagation through a transparent medium (anterior chamber and vitreous humor). The approach proposed here allows us to correct wavefront distortions induced when light is propagating within a highly scattering medium. In contrast with time domain OCT or Fourier domain OCT, Full-Field OCT (FF-OCT) [6, 7] directly takes "en face" images. The sample is displaced to position the focal plane at different depths below the surface and to obtain a 3D tomographic image. FF-OCT is in principle able to operate with high lateral resolution using medium or large aperture microscope objectives: we have used N.A.s ranging from 0.3 to 0.8 with water immersion objectives providing a lateral resolution ranging from about 1.5µm to 0.5µm when using a central wavelength of 750nm. For time domain, spectral, Fourier-domain or swept-source OCT, the available depth range for imaging is on the order of the depth of field of the optics, therefore requiring low numerical aperture optics that limit the lateral resolution. For example, for a depth of field larger than 200µm, the N.A. has to be lower than 0.1, giving a lateral resolution larger than 5µm. Nevertheless in all approaches the axial sectioning ability is linked to the coherence length of the light source.
In FF-OCT, it is crucial that both arms are as symmetric as possible in term of refractive indices. As a consequence, FF-OCT generally uses water-immersion microscope objectives, water being the main component of biological tissues. Nevertheless, the refractive index of tissues of medical interest ranges from 1.35 to more than 1.50 [8] . When focusing inside tissues, the focus is shifted forward while the coherence plane goes backward ( figure 1 ). This phenomenon has been used previously to measure the refractive index of various tissues [8] . More precisely, in the paraxial approximation, displacing a sample with refractive index n (instead of n = 1.33) by a distance z shifts the focal plane forward by F (z) = n n z relative to the sample while the plane of zero path difference is shifted backward (larger refractive index) by Π(z) = − n n z. In order to match the position of the focal plane and of the plane of zero path difference one must introduce a path difference on the reference arm of:
As long as δ f /2n is smaller than the depth of field there is no need to correct the path In a tissue with index n higher than water, the coherence plane (corresponding to zero path difference) is shifted upwards while the focus is moved downwards.
difference from the mismatch between the two arms of the Linnik interferometer. With the 0.3 N.A. water immersion objectives used the corresponding depth of field is about 16 micrometers (the depth of field h of a microscope is linked to the aperture angle u via the standard relation h = 1.22λ/n sin u tan u). The experimental setup is based on an interference microscope in the Linnik configuration, i.e., a bulk Michelson interferometer with identical microscope objectives in both arms (see [7] for a detailed setup). For this study we used a pair of Olympus, 10x/0.3W, 3.3mm working distance, providing a theoretical transverse (x-y) resolution of ∼ 1.4µm at the mean wavelength λ 0 = 750nm. A halogen lamp is used as a spatially and temporally incoherent light source. A low reflectivity surface (∼ 2% in water) is placed at the focal plane of the microscope objective of the reference arm in order to maximize the contrast. The object to be imaged is placed in the other arm of the interferometer. The image of the reference mirror and the image of the object are projected with an achromatic doublet lens onto a CCD camera (DALSA 1M15, 15 Hz, 12 bit digitization, 1024x1024 pixels). Due to the source spectrum, the spectral response of the CCD camera and the optical elements of the experimental setup, the useful wavelengths range from approximately 600 nm to 900 nm giving an axial sectioning of less than 1µm. To eliminate all the background and to keep only the interferometric signal the path difference is modulated by a PZT actuator.
To correct for defocus around a depth of interest, we have adapted an approach which has been proposed by Debarre et al. [9] to our en face FF-OCT method. This approach relies on Fourier-Transform image analysis. In essence, the spatial frequency spectrum of an OCT image comprises several regions. The zero frequency region corresponds to the mean image intensity. The highest frequency region corresponds to noises from different origins (speckle, camera noise, photon noise). The intermediary frequency range corresponds mainly to the image itself, and contains all the informations about the sharp details. When defocus is present, the amount of energy in this intermediary region decreases due to the loss of details induced by the broadening of the point spread function (PSF). Biological samples exhibit multiscale textures and structures observable down to the resolution limit of the optical microscope. In presence of aberrations the spatial frequency spectrum of most samples (that expand from zero spatial frequency to the objective cutoff) is affected by the filtering linked to the PSF degradation. As a metric of the focusing quality, we therefore monitored the total energy in the intermediary region of the Fourier-transformed image. This energy is maximum when the aberration is minimized. Around the optimal position, this metric shows a wellbehaved quadratic shape while farther from the optimum position we found it best fitted by a Lorentzian. By adding a known aberration, we can try several values of the defocus and measure the image quality for each of them. This way, we can reconstruct the metric shape (with a minimum of 3 measurements [9] ), and infer the optimal value to add to compensate the initial aberration. Note that we only applied this criterion to defocus, but that this imagebased optimization method can be used to correct for any kind of aberration, provided it is possible to add a known quantity to a single aberration mode (for instance with a deformable mirror).
The experimental procedure was the following. The setup is pre-aligned to ensure focusing of both the reference and the sample arm, and that the two arms optical paths are matched Fig. 2 . FF-OCT image for four different values of added defocus δ. The sample is a sentinel lymph node, the width of the field of view is 500 µm. The optimal image (for δ = +30µm) is both brighter an sharper. in water, i.e., that the system is correctly aligned for imaging at the surface of a sample. We then remove the mirror from the sample arm and move the sample towards the microscope objective, in order to image in-depth. In our experiment, we went up to 200µm deep in various tissues samples. Here we describe the results obtained with a sentinel lymph node. Since the index n of the sample is larger than the index n of water, defocus starts to degrade the image quality. We change the length of the reference arm in order to move the coherence plane relatively to the focus of the microscope objective. However, in order to use the metric, it is necessary to always image the same plane in the sample. Thus, when changing the reference arm length by δz (in air),we need to move the sample in the same direction by a quantity δz/n, so that the position of the coherence plane in the sample is unchanged.
For each position of the defocus, we acquired an image, and made a fast-Fourier transform on it. We determine the upper and lower frequencies of the integration domain to maximise the signal-to-noise ratio. The results obtained are summarized in figures 2 and figure 3. z = 0 corresponds to the matched arm lengths in water. We find that for our sample, at a depth z = 60µm, we can evaluate from the fit the optimal defocus to be δ z = 37µm (well above the depth of field of ±8µm). The best image obtained is for δ z 30µm, within the focus range, and we see that we are able to recover much more signal, and much sharper details. Note that this allows us to directly estimate in-situ the refractive index of the sample, with a good accuracy. Here we find a value of n = 1.52 ± 0.01. The lymph node sample was fixed with formaldehyde, whose index is around 1.42. The value found seems therefore reasonable, knowing that such a dense tissue [8] originally contains about 55% of water.
We also see that even though the index mismatch is not large, as the coherence plane moves out-of-focus linearly with the depth, the image quality is degraded very quickly, even for relatively low numerical aperture. Not taking this effect into account strongly limits the maximum imaging depth achievable in a given sample. OCT images avoid scattering effects which are due to small size refractive index heterogeneities (less than a few microns), but larger scale heterogeneities are often present in tissue: they are linked to the geometry of the tissue structure (e.g. fibers) or to the lack of flatness of the sample surface. Moreover the sharp features observed in the corrected image obtained at moderate depth demonstrate that adaptive optics correction is not yet needed at this stage and that defocus was dominant.
For the first time an OCT image from a highly scattering sample has been corrected without wavefront analysis such as in [10] but only based on the optimization of the image quality. Compared to the results of [9] we have been able to correct an image captured well below the sample surface of higly scattering media. This wavefront correction of defocusing has proved to be efficient and simple to implement. At this stage we do not know yet if we have reached the optimum in terms of resolution; from the detailed analysis of cellular structure, it seems that we are close to this goal; nevertheless let us underline that this approach can be extended to other kinds of aberrations when coupled to a deformable mirror conjugated with the pupil of the microscope objective.
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